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Abstract
Magnetic resonance imaging at ultra-low fields (ULF MRI) is a promising new
imaging method that uses SQUID sensors to measure the spatially encoded
precession of pre-polarized nuclear spin populations at a microtesla-range mea-
surement field. In this work, a seven-channel SQUID system designed for
simultaneous 3D ULF MRI and magnetoencephalography (MEG) is described.
The system includes seven second-order SQUID gradiometers characterized by
magnetic field resolutions of 1.2 – 2.8 fT/√Hz. It is also equipped with five sets
of coils for 3D Fourier imaging with pre-polarization. Essential technical de-
tails of the design are discussed. The system’s ULF MRI performance is
demonstrated by multi-channel 3D images of a preserved sheep brain acquired
at 46 microtesla measurement field with pre-polarization at 40 mT. The imag-
ing resolution is 2.5 mm × 2.5 mm × 5 mm. The ULF MRI images are
compared to images of the same brain acquired using conventional high-field
MRI. Different ways to improve imaging SNR are discussed.
1. Introduction
Magnetic resonance imaging at ultra-low fields (ULF MRI)
attracted considerable attention in recent years, both among
superconductivity researchers and within MRI community.
ULF MRI is an interesting new application of SQUID sen-
sors and possible alternative to conventional high-field MRI.
In this imaging method [1-10], nuclear spin population in a
sample is pre-polarized [11] by a relatively strong (up to 0.1
T) magnetic field, and spin precession is encoded and de-
tected at an ultra-low (<150 µT) measurement field after the
pre-polarizing field is removed [1-10]. The ULF MRI signals
are measured by SQUID sensors [12-16], commonly with
untuned input circuit, that act as frequency-independent flux-
to-voltage converters. High sensitivity of SQUIDs partially
compensates for MRI signal reduction due to relatively low
sample pre-polarization.
Magnetic resonance imaging at ULF has several advan-
tages over conventional high-field MRI. Spatial resolution of
MRI is ultimately determined by the NMR linewidth that
depends on absolute field inhomogeneity. Because microtes-
la-range fields of modest relative homogeneity are highly
homogeneous on the absolute scale, very narrow NMR lines
with high SNR are achieved [1,5,9]. Thus, measurement field
and encoding gradients for ULF MRI can be generated by
simple and inexpensive coil systems [2,8]. Advantages of
ULF MRI also include minimized susceptibility artifacts [1],
enhanced T1 contrast [17], and possibility of imaging in the
presence of metal [5,18]. The main limitation of present-day
ULF MRI in comparison to high-field MRI is its lower sig-
nal-to-noise ratio. The SNR can be improved through the use
of stronger pre-polarizing fields, minimization of system
noise, and optimization of pick-up coil geometry. Image
distortions due to concomitant gradients are more pro-
nounced at ULF and need to be corrected in practice [19,20].
Unlike conventional high-field imaging, ULF MRI is
compatible with SQUID-based techniques for biomagnetic
measurements [21] such as magnetoencephalography (MEG)
[22] and magnetocardiography (MCG) [23]. It has been
shown that ULF NMR signals from a human body can be
measured simultaneously with MEG [6] or MCG [7] signals
using the same SQUID sensor. Combining MEG and ULF
MRI capabilities in a single instrument is particularly prom-
ising, because it will eliminate the need for MEG/MRI co-
Figure 1. a) Positions of the seven channels inside the
cryostat; b) schematic of one channel.
Figure 2. Noise spectra of the seven channels.
registraion and allow simultaneous functional (MEG) and
anatomical (ULF MRI) imaging of the human brain. Because
MEG systems typically include many channels, parallel im-
aging techniques developed in high-field MRI, such as
SENSE [24] and PILS [25], can be readily applied at ULF to
improve image quality or increase imaging speed.
Recently, we developed a seven-channel SQUID system
specially designed for both ULF MRI and MEG [8]. The
system was initially used to perform auditory MEG mea-
surements and acquire a multi-channel 2D image of a human
hand [8]. In the present work, we describe modification of
this system for 3D ULF MRI. We discuss important technical
details of the design and demonstrate performance of our
system by acquiring multi-channel 3D images of a preserved
sheep brain.
2. Instrumentation
2.1 Measurement system
The system we have developed for ULF MRI and MEG in-
cludes seven measurement channels (figure 1a). Each
channel consists of a second-order axial gradiometer and a
SQUID assembly (figure 1b). The gradiometers have 37 mm
diameter and 60 mm baseline. We have selected this pick-up
coil diameter (which is greater than in typical MEG instru-
ments) to improve magnetic field resolution and imaging
depth essential for ULF MRI while largely preserving the
coils’ ability to localize MEG sources. The gradiometers
have been hand wound on G-10 fiberglass formers using
0.127 mm thick niobium wire. They are placed parallel to
one another with one gradiometer in the middle and six oth-
ers surrounding it in a hexagonal pattern shown in figure 1a.
The center-to-center spacing of the neighboring pick-up coils
is 45 mm. The seven channels are installed inside a flat-
bottom fiberglass liquid helium cryostat (available as Model
LH-14.5-NTE from Cryoton Co. Ltd.,
www.cryoton.webzone.ru).
Each SQUID assembly consists of a SQUID sensor and a
cryoswitch (available as Model CE2 blue and Model SW1,
respectively, from Supracon AG, www.supracon.com). The
sensor’s input coil inductance Li is 420 nH, and the mutual
inductance Mi between the input coil and the SQUID is 8.1
nH. The inductance Lp of our second-order gradiometers was
estimated to be ≈500 nH. The cryoswitch, included in the
input circuit between the gradiometer and the SQUID as
illustrated in figure 1b, is superconductive at 4 K, but be-
comes resistive when its heater is activated. The resistance is
50 ohm, and the switching time is about 5 microseconds. The
cryoswitch is used to protect the SQUID from transients
caused by rapid switching of the pre-polarizing field in ULF
MRI experiments. The SQUID assembly is enclosed in a lead
shield and installed 12 cm above the gradiometer.
Figure 2 exhibits noise spectra of the system operated in-
side a two-layer magnetically shielded room. Magnetic flux
noise spectral density was measured to be about 5 µΦ0/√Hz
at 1 kHz for channel 1. Because magnetic flux in the SQUID
is equal to magnetic flux in the pick-up coil times
)/( ipi LLM  , magnetic field noise spectral density, referred
to the pick-up coil, is 1.2 fT/√Hz for channel 1. For the sur-
rounding channels, the noise spectral densities are 2.5-2.8
fT/√Hz at 1 kHz. This increase in the noise level for the out-
side channels is mainly due to Johnson noise originating
from the thermal shield (consisting of 1.6 mm-diameter alu-
minum rods) between the vertical walls of the cryostat.
The noise spectra remain essentially flat down to fre-
quencies of a few hertz. The interference-free operation is
ensured by careful organization of electrical connections: all
equipment inside the shielded room is powered from batte-
ries and connected to outside electronics by fiber optic
cables. The signal roll-off for frequencies in the kilohertz
range (figure 2) is a characteristic of the data acquisition
board used (available as Model ADCXF-4412 from Research
Electronics Development, Inc., www.redhitech.com). We
have selected this 24 bit ADC with 16 kHz sampling fre-
quency, because it is equipped with a fiber optic interface.
This allows the data acquisition board, placed inside the
shielded room, to be electrically isolated from the computer
outside. The bandwidth of the SQUID electronics is 50 kHz.
2.2 Coil system
Schematic layout of the coil system for 3D ULF MRI is
exhibited in figure 3. The system includes five sets of coils.
A pair of round Helmholtz coils, 120 cm in diameter, pro-
vides microtesla-range measurement field Bm along the Z
axis. The measurement field strength is 46 µT at 750 mA.
Three sets of coils generate three gradients for 3D Fourier
imaging. The longitudinal gradient Gz=dBz/dz is produced by
two 80 cm square Maxwell coils. The magnitude of this gra-
dient at 1 A current is 120 µT/m. A set of eight rectangular
coils on two 48 cm × 96 cm frames orthogonal to the X axis
creates the transverse gradient Gx=dBz/dx. The Gx strength is
80 µT/m at 1 A. The second transverse gradient, Gy=dBz/dy,
is generated by a set of four rectangular coils on two 62 cm ×
Figure 3. Schematic layout of the coil system for 3D
ULF MRI.
Figure 4. Switch-off profile of the pre-polarizing current.
96 cm frames orthogonal to the Y axis. The magnitude of Gy
is 140 µT/m at 1 A. Each of these coil sets is symmetric with
respect to the center of the system. The system as a whole
should be carefully centered inside the shielded room.
The pre-polarizing field Bp in our system is three orders
of magnitude stronger than the measurement field Bm. It is
produced by a cylindrical coil with 32 cm outside diameter,
18 cm inside diameter, and 7 cm thickness. The number of
turns is 800, and the coil inductance is 100 mH. To reduce
eddy currents induced inside the coil by rapid switching of
the pre-polarizing field, a special wire was used (available as
Twistite brand from MWS Wire Industries,
www.mwswire.com). It was manufactured by twisting to-
gether 24 strands of copper wire (AWG 28) with heat-
resistant polyimide insulation. We selected this type of wire,
because, in our experience, the commonly available litz wire
with thin polyurethane insulation could be easily damaged by
accidental coil overheating. The Bp coil is immersed in liquid
nitrogen bath. When it is cooled down from room tempera-
ture to 77 K, its resistance decreases 6 times, and heat
dissipation drops accordingly. The sample is placed at the
center of the imaging coil system, and the Bp coil is posi-
tioned underneath the sample. The y-component of the Bp
field varies between 40 mT and 50 mT at 28 A along the
vertical dimension of the sample space.
For samples with relatively short longitudinal relaxation
time T1, it is important to turn off the pre-polarizing field
quickly to prevent loss in polarization. In our system, the Bp
field can be cut to zero in a few milliseconds as shown in
figure 4. This is accomplished with switch boxes consisting
of optoMOS relays (available as Model CPC1918J from
CLARE, www.clare.com). A switch box is connected be-
tween the Bp coil and a voltage supply that includes several
batteries. When a control signal is turned off, a MOSFET
inside a relay begins to close, and a high voltage spike is
generated across it by the coil inductance. Because this high
voltage (typically in the kilovolt range) exceeds the
MOSFET’s breakdown voltage VBR, an avalanche breakdown
occurs, during which voltage across the MOSFET remains
constant and equal to VBR. The current therefore drops at a
constant rate, LVVdtdI SBR /)(/  , where VS is the supply
voltage and L is the coil inductance. The inductive energy is
dissipated by the MOSFET during this process. If several
optoMOS relays are connected in series, their breakdown
voltages add up, and the switching rate is roughly propor-
tional to the number of relays. In contrast, parallel
connection of the relays does not change the switch-off rate
visibly. Our typical switch box includes four series-
connected sections each consisting of four parallel relays (to
increase current limit), mounted on a heat sink with either air
or water cooling. With VBR~120 V for the type of relay used,
VS=24 V, and L=100 mH, the expected switching rate is 4.6
A/ms. This agrees well with the experimental data in figure
4, where 28 A current is turned off linearly in about 6 ms
using one switch box. This time can be reduced further if
switch boxes are connected in series as demonstrated in fig-
ure 4.
Each coil in the system is characterized by some distri-
buted capacitance. Because of this, switching fields and
gradients can induce electromagnetic oscillations within a
coil even if the coil itself is disconnected from any external
circuit. For example, switching gradients have been observed
to induce parasitic currents in the Bp coil, which were picked
up by the SQUIDs and appeared as bright spots scattered
across ULF MRI images. To ensure quick dissipation of such
currents, each coil in our system is shunted with a large re-
sistor, located as close to the coil as possible. The optimum
value of this resistor has been empirically determined to be
approximately 1000 times higher than the coil’s own resis-
tance.
2.3 Imaging procedure
The ULF MRI images reported in the next section were
acquired according to the imaging protocol shown in figure
5. Each imaging step begins with pre-polarization of the
sample by the field Bp during time tp that should be at least as
long as the relaxation time T1. The pre-polarizing field is
then turned off rapidly, and the measurement field Bm is ap-
plied perpendicular to the direction of Bp. The application of
Bm induces spin precession. In our previous work [8], the
measurement field was kept constant throughout the experi-
ment, and spin precession was induced by the removal of Bp.
The protocol in figure 5 has two advantages. First, there is no
need to remove the Bp field non-adiabatically (i.e. fast com-
pared to the period of Larmor precession in the field Bm).
Application of the Bm field does not need to be non-adiabatic
either, because spin precession starts as soon as a tiny frac-
tion of Bm appears perpendicular to the magnetization vector.
Second, variations in the switching time, caused, for exam-
Figure 5. 3D Fourier imaging protocol with gradient
echo in ULF MRI.
Figure 6. Photograph of the preserved sheep brain used
for imaging.
ple, by drifting Bp current, do not introduce spurious phase
shifts between different measurements. The gradient coils, as
well as the Bm coils, are disconnected during the pre-
polarization to minimize transients. After the measurement
field is applied, imaging is performed according to the stan-
dard 3D Fourier imaging protocol with gradient echo. Phase
encoding is carried out during time tg with two gradients, Gz
and Gy, and gradient echo is created by reversal of the fre-
quency encoding gradient Gx (figure 5). We have found that
reversal of the measurement field Bm simultaneously with the
gradient Gx further improves imaging SNR, but this tech-
nique was not used in the described experiment.
In the sheep brain imaging experiment, the pre-
polarization time was tp=0.5 s, and the pre-polarizing field
Bp varied between 40 and 50 mT along the vertical dimen-
sion of the brain. The measurement field Bm≈46 µT
corresponded to Larmor frequency of about 1940 Hz. We
chose this frequency as the highest practical frequency with-
in the range of our data acquisition board (figure 2). This
allowed us to reduce the effect of concomitant gradients and
to avoid magnetic noise induced by mechanical vibrations
(resulting from Bp pulses) below 1 kHz. The encoding and
acquisition times were tg=33 ms and tacq=66 ms, respectively.
The frequency encoding gradient Gx had ±140 µT/m (±60
Hz/cm) values. The phase encoding gradient Gz had limiting
values ±140 µT/m (±60 Hz/cm) with 33 phase encoding
steps. A total of 11 phase encoding steps were taken for the
y-direction, with the limiting gradient values Gy= ±70 µT/m
(±30 Hz/cm). Thus, each k-space scan included 363 mea-
surements and required 4 minutes. It should be noted,
however, that 80% of this time was used for pre-polarization.
The described sequence provided 2.5 mm × 2.5 mm × 5 mm
imaging resolution.
3. Results
To study the system’s 3D ULF MRI performance in
preparation for human brain imaging, we acquired 3D images
of a preserved sheep brain (available from Fisher Science
Education, www.fishersci.com). The brain is shown in figure
6. It is preserved in formaldehyde. The brain’s longitudinal
relaxation time T1 was estimated to be about 300 ms. The
mean relaxation time T2 was measured to be approximately
40 ms at 46 µT field. High-field MRI measurements at 2
tesla field gave similar results. For comparison, the T2 time
of a living human brain varies between 80 ms and 100 ms (at
high fields). This means that imaging the preserved brain is a
more difficult task, because MRI signal drops faster with
time.
Results of the brain imaging experiment at 46 microtesla
measurement field are presented in figure 7. The imaging
was performed according to the procedure described in the
previous section. The sheep brain was placed horizontally
under the bottom of the cryostat with its longest dimension
along the line of channels 1, 3, and 6. Each image in figure 7
represents a 5 mm thick horizontal layer of the brain with the
vertical position of the central plane specified by coordinate
Y. The value Y=0 corresponds to the center of the gradient
coil system. The bottom of the cryostat is located at Y≈25
mm. The in-plane resolution is 2.5 mm by 2.5 mm. The
images were acquired simultaneously as parts of one 3D
image, reconstructed from measured gradient echo signals by
3D Fourier transform. To improve signal-to-noise ratio for
deep-lying layers of the brain, 42 scans of k-space were per-
formed consecutively, and the images were averaged. The
total imaging time was about 3 hours. The effect of concomi-
tant gradients was corrected for all the ULF images in this
paper according to the method of [20]. Each image in figure
7 is a composite image with sensitivity correction, computed
from the seven individual-channel images using PILS me-
thod [25] with experimentally determined sensitivity maps of
the channels. Sensitivity properties of the seven channels are
discussed in more detail below. All the images in figure 7
were additionally interpolated.
Figure 8 exhibits images of the same sheep brain, ac-
quired by conventional high-field MRI. The imaging was
performed in a whole-body MRI scanner with 2 tesla super-
conducting magnet. The slice selection technique was
employed. The horizontal slices were 2 mm thick with 5 mm
distance between their central planes. The in-plane resolution
was 1 mm by 0.5 mm. The spin echo time was TE=26 ms,
with the repetition time of TR=1500 ms. Each image in fig-
ure 8 is an average of four measured images.
Figure 7. Images of the preserved sheep brain acquired by 3D Fourier ULF MRI at 46 µT field.
Figure 8. Images of the same brain obtained by high-field (2 tesla) MRI with slice selection.
Comparing results in figure 7 and figure 8, we conclude
that the ULF images provide essentially the same anatomical
information as the corresponding high-field images. Precise
comparison, however, is difficult because of the differences
in brain position, slice thickness, and in-plane resolution.
Both sets of images are T2-weighted images, with darker
regions characterized by shorter T2 times. The ULF images
exhibit greater contrast, but this can be attributed to the fact
that the gradient echo time in the ULF MRI experiment
(counted from the moment Bm field is applied) is about 70 ms
as opposed to TE=26 ms in the high-field measurements.
To characterize the system sensitivity and perform sensi-
tivity correction of images in figure 7, we acquired 3D
sensitivity maps of the channels. The maps were obtained by
imaging a thick, 23 cm in diameter, uniform water phantom
with the same spatial resolution as that in the sheep brain
experiment. A composite seven-channel sensitivity map
(computed as a square root of the sum of squares of images
from the seven individual channels) for a 5 mm thick layer
with Y=20 mm is exhibited in figure 9. The map, originally
distorted by concomitant gradient artifacts, is symmetric
after this distortion has been corrected.
Figure 10 compares sensitivity maps for different image
layers. It shows sensitivity profiles along the line of channels
1, 3, and 6 (which is close to X axis) for the six image layers
with the same values of Y as in figure 7. The single-peak
curves (S1) are sensitivities of channel 1, while the curves
with three maxima (Sc) represent the composite seven-
Figure 9. Composite seven-channel sensitivity map for one
image layer.
Figure 10. Sensitivity profiles (S1 – channel 1,
Sc – composite) for six image layers.
Figure 11. Comparison of sheep brain images
(for Y=5 mm) acquired by one and seven channels.
channel sensitivities. These curves, derived from the experi-
mental sensitivity maps, were digitally smoothed to improve
their appearance. According to figure 10, the peak sensitivity
of channel 1 for the bottom image layer (Y= -5 mm) is 4
times lower than for the top layer (Y=20 mm). This decrease
in sensitivity with the distance from the pick-up coils ex-
plains why extensive averaging is required to obtain good-
quality images of the deeper layers of the brain. Figure 10
also shows how the use of multiple channels improves imag-
ing field-of-view and signal-to-noise. While the sensitivity
increase is rather modest at the center of the system (from
1% for the top to 18% for the bottom layer), the 1/ SSc ratio
grows considerably as the observation point moves from the
center towards any of the six outside channels.
Figure 11 demonstrates the image improvement through
the use of multiple channels predicted in figure 10. The im-
ages of the same layer (with Y=5 mm) were calculated using
data from one and seven channels, respectively. The seven-
channel image was computed as a square root of the sum of
squares without sensitivity correction. When compared to the
single-channel image, it shows only minor (10%) improve-
ment in the central brain region, but exhibits an average 3-
fold increase in signal strength near the edges of the brain,
where the sensitivity of channel 1 is low. This result, which
is consistent with figure 10, demonstrates the benefit of mul-
ti-channel imaging even for those objects that are small
enough and can be imaged by a single channel.
4. Conclusion
In this paper, we described a seven-channel SQUID sys-
tem designed for both 3D ULF MRI and MEG. We also
presented, for the first time, multi-channel 3D images of a
preserved sheep brain acquired at an ultra-low field. The
ULF MRI images reveal the same anatomical details as the
brain images obtained by conventional high-field MRI. They
suggest that our system, after proper modification, can be
successfully used for human brain imaging. Our results also
demonstrate that the presently available imaging SNR re-
mains the most serious limitation in ULF MRI. Because of
the insufficient SNR, extensive averaging is required to im-
prove image quality for biological objects with relatively
short T2 times. The SNR of our system can be increased in at
least three different ways.
First, one can reduce the cryostat noise by minimizing
the Johnson noise contribution from the thermal shield. This
can be achieved by replacing the thick aluminum rods with
bundles of thin insulated wires. Such a modification would
reduce noise levels of six channels surrounding channel 1 in
our system by a factor of 2. The cryostat noise can be re-
duced further if a special low-noise super-insulation is used.
Second, one can increase the channels’ sensitivity depth
by using larger-diameter pick-up coils. For high-quality
SQUIDs, magnetic flux noise is virtually independent of the
pick-up coil inductance. This inductance is proportional to
the coil radius, cRLp  , and, for large R, exceeds the induc-
tance Li of the SQUID input coil. The flux transfer
coefficient becomes )/(cRM i . The SNR, defined as a ratio
of flux to (constant) flux noise, is thus proportional
to RRΦ /)( , where )(RΦ is magnetic flux penetrating the
pick-up coil. For a uniform magnetic field, the flux is pro-
portional to the coil area, so the SNR is a linear function of
R. For a magnetic dipole at a distance d below the pick-up
coil, RRΦ /)( increases almost linearly with R until it reach-
es maximum at 2/dRm  , and then begins to decrease.
Therefore, the maximum sensitivity depth is proportional to
the pick-up coil radius R. This analysis shows that larger
pick-up coils offer an advantage of higher imaging SNR. One
can envision a combined MEG/ULF-MRI system with pick-
up coils of two different diameters: the smaller pick-up coils
could be used for MEG source localization, and the larger
ones – for anatomical imaging. With our present cryostat,
however, R can only be increased 2-3 times at the expense of
reduction in the number of imaging channels.
Third, one can increase the strength of the pre-polarizing
field Bp. This approach is preferable, because it does not
require rebuilding the cryostat or making new gradiometers.
Also, there is no upper limit on SNR improvement that can
be achieved. Strong Bp fields, however, can only be generat-
ed if an efficient cooling system for the Bp coils is
developed. This task is further complicated in the case of
human brain imaging by the need to safely accommodate a
human head inside the system. Our new system of cooled Bp
coils for human brain imaging is currently being built. Be-
cause pre-polarization takes 80% of total imaging time in our
experiments, improvements to the imaging protocol that
make more efficient use of a sample’s polarization would
also be very beneficial.
Overall, our experimental results suggest that SQUID-
based ULF MRI can potentially be as efficient as high-field
MRI. Magnetoencephalography, when combined with ULF
MRI, will become a more versatile, accurate, and appealing
technique.
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